Mechanically-activated delivery systems harness existing physiological and/or externally-applied forces to provide spatiotemporal control over the release of active agents. Current strategies to deliver therapeutic proteins and drugs use three types of mechanical stimuli: compression, tension, and shear. Based on the intended application, each stimulus requires specific material selection, in terms of substrate composition and size (e.g., macrostructured materials and nanomaterials), for optimal in vitro and in vivo performance. For example, compressive systems typically utilize hydrogels or elastomeric substrates that respond to and withstand cyclic compressive loading, whereas, tension-responsive systems use composites to compartmentalize payloads. Finally, shear-activated systems are based on nanoassemblies or microaggregates that respond to physiological or externally-applied shear stresses. In order to provide a comprehensive assessment of current research on mechanoresponsive drug delivery, the mechanical stimuli intrinsically present in the human body are first discussed, along with the mechanical forces typically applied during medical device interventions, followed by in-depth descriptions of compression, tension, and shear-mediated drug delivery devices. We conclude by summarizing the progress of current research aimed at integrating mechanoresponsive elements within these devices, identifying additional clinical opportunities for mechanically-activated systems, and discussing future prospects.
Introduction
The delivery of therapeutic agents to a specific location with optimal dose and duration remains a significant clinical challenge. This multifaceted problem is being investigated using a myriad of drug delivery strategies because systemic drug administration-although widely used in the clinic-typically requires multiple doses to treat diseased tissue. However, this leads to significant and widespread off-target side effects due to exposure of healthy tissue. Stimuli-responsive materials are well-suited for applications in drug delivery, actively releasing their drug payloads in response to either physiological or externally-applied triggers. This spatiotemporal control over drug release is widely demonstrated for stimuli such as: pH [1] [2] [3] [4] [5] [6] [7] [8] [9] [10] [11] , temperature [1, 9, 10, [12] [13] [14] [15] [16] [17] [18] [19] [20] [21] , light [22] [23] [24] [25] [26] , ionic strength [27] [28] [29] , electrical potential [30] [31] [32] [33] [34] [35] [36] [37] , and applied magnetic fields [38] [39] [40] [41] [42] [43] [44] [45] [46] [47] [48] . While some of these systems ultimately undergo a mechanical change, such as deformation, swelling, or change in modulus (i.e., when temperatures reach above the lower critical solution temperature or below the upper critical solution temperature), they will not be discussed as these systems are previously reviewed. Instead, this review highlights recent exciting breakthroughs with stimuli-responsive systems that respond directly to mechanical forces and summarizes pioneering reports that have launched the field.
Mechanically-activated systems are triggered by mechanical forces in the body that either occur physiologically or are exerted on the body by external devices, both over a wide magnitude (Fig. 1) . Generally, an unopposed force exerted on an object accelerates its motion. The distribution of the force on the object is described as the mechanical stress, which can result in deformation. Microscopic cellular forces [49] [50] [51] [52] [53] [54] are present and coordinate into macroscopic forces for processes such as wound repair and inflammation. Further coordination results in the exertion of even greater forces by various systems, such as the musculoskeletal [55, 56] , cardiovascular [57] [58] [59] , and respiratory systems [60, 61] . Alternatively, external triggers are applied by medical devices such as stents [62] [63] [64] [65] and catheters [66, 67] that mechanically open blocked or narrowed structures, or are applied by another user or self-exerted to control administration. Therefore, drug and protein delivery systems that respond to mechanical forces serve as innovative solutions to control on-demand release within a physiological environment. Designing such mechanoresponsive systems that account for the dynamic nature of the human body will bring about novel solutions to clinical challenges.
Mechanical stimuli are quantified by force and displacement (Fig. 2) . In compression, a force is applied, resulting in an equal but opposing force along the same axis, generally reducing the object's length along that direction. Similarly, an object under tension is pulled or stretched, lengthening the object along the axis. This force, and resulting deformation, can be converted into stress and strain. For engineering stress (σ), the force is normalized by the cross sectional area while engineering strain (ε) calculates the relative change in displacement -the difference in length divided by the original length. Instead of applying forces normal to the cross section, shear forces are applied parallel to the object's cross section. Shear stress is similarly defined as the parallel force divided by the cross sectional area acted upon; shear strain is the strain in the parallel direction. The overall elastic material property is expressed by Young's modulus: E = stress / strain. The shear modulus is defined as G = E / (2(1 + ν)), where ν is Poisson's ratio, which describes the expansion of the material along the axis compared to the compression perpendicular to the axis.
While there are relatively few reports of mechanoresponsive drug delivery systems [68] , they cover the breadth of mechanical forces: compression, tension, and shear. Mechanoresponsive drug delivery is attractive due to the ease of applying compressive, tensile, and shear stimuli, and to the ubiquity of these forces in the human body. While ultrasound is also considered a mechanical stimulus, several recent reviews have been published on ultrasound-triggered drug delivery [69] [70] [71] [72] [73] [74] [75] [76] [77] [78] [79] [80] [81] [82] [83] , and thus will not be discussed here. The scope of the current review focuses on drug delivery systems that utilize compression, tension, and shear, and are categorized according to the respective forces used for mechanical stimulation of drug release.
Compression-responsive systems
Compressive delivery systems require substrates that respond to and withstand compressive loading. Commonly used materials for compression are elastomeric substrates. Elastomers are viscoelastic polymers-that is, they have viscous (resistance to flow) and elastic properties (tendency to return to its original shape after removal of stress) with time-dependent strain rate. Examples of elastomers in biomedical research include rubbers and silicones. As 3D-crosslinked polymer networks, hydrogels also withstand high compressive forces, and thus act as effective compressive systems. Examples of natural hydrogel polymers include alginate, chitosan, collagen, and hyaluronic acid, whereas examples of synthetic hydrogel polymers include poly(hydroxyethylmethacrylate), polyacrylamides, poly(ethylene glycol), poly(vinyl alcohol), and poly(N-isopropyl acrylamide). Due to their biocompatibility and aqueous loading environment, hydrogels are widely used in the clinic and in biomedicine for tissue engineering [84] [85] [86] [87] [88] [89] , diagnostic [90] [91] [92] , and drug and protein delivery [93] [94] [95] [96] [97] [98] applications. The availability of both types of substrates and the ability to apply compressive forces externally have led to numerous studies on controlling the release of drugs and proteins.
Elastomeric deformation
Elastomeric substrates possess the structural integrity required for compressive release. PY Wang reports one of the earliest successes of a user-controlled compressive system, where a two-compartment silicone implant releases insulin to reduce hyperglycemia in an in vivo diabetic rat model [99] . The first compartment allows the influx of serous fluid to solubilize the insulin powder contained in the second compartment. Compression then drives the efflux of the insulin-dissolved serum. The author demonstrates efficacious insulin delivery from the implant in vivo using diabetic Wistar rats undergoing compressions (2 s followed by 1 min massage) once a day, once every 2 days (Fig. 3a) , once every 3 days, and once every week, with subsequent reduction in blood sugar levels up to 28, 44, 72, and 140 days, respectively. Although the insulin 'dose' is similar in each case (i.e., reduction of blood glucose levels last for~1 day), the depletion rate increases with longer durations between administration; compressions once a day are effective over 28 stimulation events, while the device is only active for 20 stimulation events when compressed once a week. While the author addresses the retention of insulin bioactivity with this in vivo model, another concern is the variability of forces used to compress the implants; better characterization of the forces exerted is necessary to control consistent delivery.
Yang et al. describe another example of cyclical compressive release, demonstrating controlled release of bovine serum albumin (BSA) from porous matrices [100] . In their study, BSA-loaded microspheres are incorporated within block copolymer poly(ethylene glycol)-bpoly(L-lactide) (PELA) scaffolds. Compression of the scaffolds (1 Hz) for 3 h each day (4-5% compressive strain) for 30 days reveal accelerated BSA release from cyclic loading compared to the scaffold under static conditions. Half of the total BSA concentration releases after 4 days under cyclic loading while the release extends to 10 days under static conditions. This result is an improvement over BSA release from PELA microspheres without scaffolds, which release 50% of their payload after 2 days. The authors note areas for design improvement in their system including reducing the high degree of burst release from both static and compressed samples.
In contrast to systems solely undergoing compression, Kim et al. recently report a microfabricated polydimethylsiloxane (PDMS) system, containing a microchannel adjacent to a refillable spherical reservoir [101] , that is subjected to bending, which induces a range of compressive and tensile stresses and stress magnitudes. When the strain applied to the reservoir exceeds the critical strain (ε c ), or the strain at which the volume of the deformed reservoir exceeds the volume of the microchannel, the system releases compound due to strain-induced flow and diffusion (Fig. 3b) . Using rhodamine B as a model hydrophilic drug, the authors demonstrate control over delivery kinetics, depending on the relative microchannel volume fraction (f ch = V ch / V R × 100%) and bending radii (r = 19, 27, 45 mm). Without microchannels (f ch = 0%), less inward bending (larger bending radius, r = 45 mm, Fig. 3c ) results in more on/off release profile and less release at each bending event (~2%), while more inward bending (smaller bending radius, r = 19 mm, Fig. 3d ) results in slow continuous diffusion in the absence of a bending trigger, with greater release at each bending event (~4%). Longer channels (up to f ch = 9%) retain more buffer volume and therefore less rhodamine B releases with each bending event (for r = 19 mm, b0.5% releases at f ch = 9% vs 4% release at f ch = 0%) (Fig. 3e) . However, the maximal drug release is ≈70%, most likely attributed to the dead volume of the system, which the authors suggest can be solved by refilling the system with a syringe.
Alternatively, Larsen et al. use a mechanochemical approach to activate the release of a furan-derivative through compression [102] . The polyurethane-derived network, crosslinked with oxanorbornadienebased mechanophores, undergoes orthogonal bond breakage with mechanical compression via a retro-[4 + 2] cycloaddition reaction, resulting in the formation of an alkyl bond and release of the small molecule, benzyl furfuryl ether. The control system, consisting of physically but not chemically-incorporated mechanophores, has a baseline release of~2%, regardless of the compressive pressure applied. In contrast, the mechanosensitive polyurethane network, containing the chemically incorporated mechanophores, exhibits increasing release from 1% to 6% with greater compression (up to 176 MPa). The authors also demonstrate compression-triggered release of benzyl furfuryl ether with up to 9 consecutive cycles at 35 and 88 MPa for 1 min (max~7% activation). This mechanically-induced bond scission offers a chemical approach to release but limits the release to substrates containing furan functionalities with low release of the incorporated substrate.
Hydrogel deformation
Lee et al. report one of the earliest hydrogel compressive systems, composed of calcium crosslinked alginate, as a device to stimulate neovascularization through the delivery of physically entrapped vascular endothelial growth factor (VEGF) [103, 104] . Compression (six cycles with compression for 2 min and relaxation for 8 min between cycles) at 25% or 10% strain expedites the release rate of VEGF five-fold from the alginate hydrogel or two-fold, respectively, compared to the control (0% strain) (Fig. 4a) . The authors also demonstrate the in vivo efficacy of these VEGF implants, showing nearly 7-fold greater tissue granulation and more than two-fold increase in blood vessel number in severe combined immunodeficient mice after 7 days of daily mechanical stimulation (three cycles with compression for 1 min followed by 1 min relaxation between cycles at 50% strain for 1 week), compared to unloaded hydrogels with and without mechanical stimulation. Similarly, in a non-obese diabetic mouse model, blood vessel density increases by 3-fold with VEGF hydrogels under mechanical stimulation (six cycles with compression for 30 s, followed by relaxation for 90 s, over 1 week) compared to unloaded hydrogels with and without mechanical stimulation ( Fig. 4b and c) . However, in the absence of compression, there is a non-zero release rate in vitro (~2 ng/min) and a significantly higher amount of granulation and blood vessel number (or density) with non-mechanically stimulated VEGF-loaded hydrogels (Fig. 4b) compared to unloaded hydrogels. Nevertheless, this passive release still results in significantly lower granulation and blood vessel density than mechanically-stimulated VEGF-loaded hydrogels in both in vivo models. Extending the promising nature of alginate hydrogels for the delivery of hydrophobic compounds, β-cyclodextrin moieties increase drug loading and prolong release through host-guest interactions. β-cyclodextrin is a 7-membered sugar ring molecule with a hydrophobic center and hydrophilic sides. This, along with 21 hydroxyl groups available for modification, allows higher incorporation and better retention of hydrophobic drugs through van der Waals and hydrophobic complexes [105] . Izawa et al. release ondansetron, a hydrophobic antiemetic drug, from a compressive system of crosslinkable β-cyclodextrin grafted to alginate [106] . Incorporation of the β-cyclodextrin moieties increase ondansetron binding to 170 M −1
, compared to 25 M −1 for calcium-crosslinked alginate gels. β-Cyclodextrincrosslinked alginate hydrogels are mechanically-responsive to compressive strain (50%, 30%, 0%) compared to β-cyclodextrin-grafted hydrogels (single link to alginate) ( Fig. 4d) , confirming the deformation of the β-cyclodextrin moiety, through its multi-connectivity with the alginate matrix, is required for mechanoresponsive release rather than enhanced diffusion by water exudation. 1-Cycle compressions and 5-cycle compressions at 50% or 30% strains (5 min compression followed by 5 min relaxation) increases release over a 70-h period (Fig. 4e ). The deformation due to compressive stimulus decreases ondansetron affinity to β-cyclodextrin by destabilizing the inclusion complex (50% strain decreases binding constant to 100 M − 1 vs 170 M −1 with 0% strain).
However, even with the increased affinity of ondansetron, the system still passively releases half of the ondansetron over 18 h with no mechanical stimulus (vs 7 h at 50% strain, Fig. 4e ). Similarly, Tan et al. report the use of β-cyclodextrin-conjugate alginate hydrogels, loaded with hydrocortisone acetate, an anti-inflammatory drug, as a potential wound healing implant [107] . Calcium-crosslinked alginate gels (without mono-6-deoxy-6-ethylenediamine-β-cyclodextrin (β-CD-EDA) grafts) are not mechanically responsive to 3 kPa compressive stress -that is, mechanically stimulated and non-stimulated hydrogels release equally fast (50% release over~5 h). However, with increasing incorporation of β-CD-EDA (weight ratio from 50/0 to 27/23 alginate/ β-CD-EDA), mechanical sensitivity increases and release is prolonged as non-stimulated hydrogels release 50% over 30+ hours while stimulated hydrogels release in~25 h. In vitro studies in lipopolysaccharide-activated RAW264.7 murine macrophages demonstrate a nearly 8-fold reduction of nitric oxide production over 72 h, confirming the anti-inflammatory function of the hydrocortisone acetate from mechanically-stimulated hydrogels. However, the mechanical properties of the hydrogel need to be further optimized as there is a tradeoff with increasing β-CD-EDA concentration, which results in decreased overall mechanical strength of the system. For this reason, only one magnitude of compressive stress (3 kPa) is described (lower magnitudes would not be indicative of user-controlled compression). Moreover, the leakiness amongst all β-CD-EDA and alginate systems is a concern due to undesired drug release, similar to the previous two alginate systems. Thus, opportunities exist to improve mechanical properties and release mechanics as a future user-controlled implant.
Alternative compression-responsive systems composed of materials other than alginate are also reported. Xiao et al. use a hyaluronic acid (HA)-based hydrogel containing covalently integrated soft and deformable dexamethasone (DEX) micelles for pain management [108] . The compressive release of anti-inflammatory drug DEX from hydrogel implants would relieve pain for osteoarthritic patients during daily activity, where degraded cartilage undergoes compression. The hydrogel system consists of block copolymer micelles (BCM), composed of poly(acrylic acid-graft-2-hydroxyethyl acrylate)-block-poly(n-butyl acrylate) tethered to glycidyl methacrylate-modified HA using photoinitiated free-radical polymerization. Owing to its lipophilicity, DEX sequesters within the hydrophobic BCM cores, yet releases in an ondemand fashion through the application of compression (Fig. 5a ). With an hour of 30% compressive strain (12 cycles/h), DEX releases at 345 μg/h compared to 6 μg/h under static conditions (Fig. 5b) ; at 15% compressive strain (12 cycles/h), DEX also releases but at a rate 1.6× slower compared to 30% strain (Fig. 5b) . However, a limitation of the system is the substantial burst release which requires a 3-hour washout period prior to performing experiments. Lastly, release of DEX from non-mechanically-stimulated hydrogels significantly reduces levels of secreted tumor necrosis factor α (and thus reduces RAW264.7 murine macrophage activation) after stimulation by lipopolysaccharide, demonstrating in vitro reduction of inflammation.
Recently, Rajamanickam et al. release model drugs from elastic layer-by-layer microparticles (~17 μm) via cyclic compression [109] . The alternating layers consist of chitosan (Chi), alginate (Alg), or colloidal silica nanoparticles (SO 2 ): 3 , or (Chi-Alg-Chi)-(SO 2 -Chi) 5 . The chitosan layers are covalently crosslinked by glutaraldehyde at freezing temperatures to impart elasticity, while the colloidal silica nanoparticles reinforce the strength of the layers. Mechanical tests via capillary compression, capillary micromechanics, and osmotic pressure demonstrate that (Chi-Alg-Chi)-(SO 2 -Chi) 3 deform by N98% under compression with recovery, the shear modulus of the particles increases with greater deposition of SO 2 -Chi layers, and the critical osmotic pressure also increases with greater deposition of SO 2 -Chi layers. The microparticle assembly is capable of 30-40% diffusive loading of small and neutral dyes, such as fluorescein isothiocyanate (FITC) or FITC-dextran (4 kDa), but results in limited loading of polymeric and charged dyes. Nevertheless, FITC-dextran releases from a monolayer of (Chi-Alg-Chi)-(SO 2 -Chi) 1 particles with 4 cyclic compression (0.98 N force for 6 s, 12 min relaxation). With~20% of the dye release at each cycle, the system with silica nanoparticles ((Chi-Alg-Chi)-(SO 2 -Chi) 5 ) exhibits less burst release compared to the control ((Chi-Alg-Chi)-(Alg-Chi) 3 ) (Fig. 5c) . Additionally, increasing the magnitude of force applied (4.9 N, 2.45 N, 0.98 N, Fig. 5d ) results in faster release while increasing the silica-chitosan layers (from (Chi-Alg-Chi)-(SO 2 -Chi) 1 to (Chi-Alg-Chi)-(SO 2 -Chi) 3 and (Chi-Alg-Chi)-(SO 2 -Chi) 5 ) decreases the release with each cycle (~15-20% dye released at each cycle) (Fig. 5e) . However, the authors do not demonstrate the activity of the released agents as the studies are conducted with model compounds. Furthermore, how the particles would be compressed in vivo is not discussed as the experiments rely on a monolayer of immobilized particles.
Tension-responsive systems
Tension-responsive systems are an active area of study in the fields of sensors [110] [111] [112] , electronics [113] [114] [115] [116] , and more recently drug delivery. Each of these systems utilizes 'soft' and often elastomeric materials. In drug and protein delivery, tension is an ideal stimulus because of the ubiquity of tension in the dynamic nature of the human body and the increasing use of tension-driven medical devices (i.e., stents) [117] .
While most hydrogels are capable of compressive loading, hydrogels often yield at low tensile strains (i.e., b 50% strain, [118] ). From a highly stretchable interpenetrating alginate-polyacrylamide hydrogel, first developed by Sun et al. [119] , Zhang et al. release horseradish peroxidase and Candida antarctica lipase B by stretching [120] . Biaxial stretching increases the surface area of the hydrogel, allowing faster diffusion of substrate into the enzyme-embedded hydrogel; an increase in surface area linearly correlates with activity of both enzymes. Heterogeneous composite systems, discussed in the following sections, utilize a similar approach by controlling release rates via increasing the surface area exposure. These systems also address the inherent leakiness present in homogeneous systems, such as this study, in the absence of the tensile strain trigger.
Hybrid composites with capsular/ particulate species
In contrast to single component systems, heterogeneous composite systems increase drug encapsulation, slow passive drug diffusion, and allow control over bulk material mechanics. The capsular component (micelle, microcapsules, or nanoparticles) of the device provides higher drug encapsulation and acts as an additional barrier to slow the diffusion of drug, especially in the absence of a tension trigger. Furthermore, the composite system separates the bulk mechanics from agent encapsulation, increasing the available choices for substrates.
For example, Hyun et al. [121] report a tension-responsive drug delivery system with microcapsule arrays supported on an elastomeric substrate. These isotropic buckled polystyrene (PS) films, processed through thermal cycling, are loaded with model drugs, fluoresceinisothiocyanate (FITC)-labeled dextran or rhodamine B. The final drug delivery device consists of sealed microcapsules, achieved by affixing the buckled PS film to a soft poly(dimethylsiloxane) (PDMS) substrate (Fig. 6a) . In agreement with theoretical models, increasing strain decreases the height of the microcapsules and increases their spacing, up to 8.5% strain, at which point the PS film fractures. Repeated stretching of these devices (0.1% strain/s) to various strain magnitudes controls the amount of rhodamine B release. Higher strain magnitudes (7.5%) result in greater rhodamine B released at each event (8-12%) while lower strain magnitudes (1%) result in less compound released at each event (~1%) (Fig. 6b) . However, when FITC-dextran is loaded into the devices, it does not release under either static or dynamic conditions, which the authors attribute to its macromolecular nature: the PS membrane severely restricts diffusion of macromolecules, such as FITC-dextran, but allows strain-dependent diffusion of small molecules, such as rhodamine B. This system is, therefore, limited to small molecule drug delivery, and thus opportunities exist for mechanoresponsive drug delivery systems to deliver both small and macromolecular therapies, and at higher strains.
Xiao et al. [122] employ elastomeric hydrogels for the mechanoresponsive release of pyrene, a hydrophobic, fluorescent model drug. Block copolymer micelles (BCM) consist of two components: poly(n-butyl acrylate) serving as the hydrophobic portion for pyrene loading, and poly(acrylic acid) modified with 2-hydroxyethyl acrylate serving as the hydrophilic portion, which also crosslinks to the bulk polyacrylamide hydrogel by free radical polymerization. Stretched hydrogels transfer their macroscopic deflection to the BCMs through these crosslinks, causing a morphological change in the micelles that favors pyrene release (Fig. 6c) . Hydrogels stretched to 60% strain release pyrene at a 2.5× faster rate over the first extension/relaxation interval than hydrogels stretched to 30% strain, and release pyrene at a 5× faster rate than hydrogels incubated under static conditions (0% strain) (Fig. 6d, top) . In addition, cumulative release of pyrene over 60 min (60 cycles over 5 min followed by 5 min of rest) is greatest for hydrogels stretched to 60% (~25% release), compared to those stretched to 30% (~15% release) and static samples (~10% release) (Fig. 6d, bottom) . Although the BCM-crosslinked hydrogels withstand up to 350% strain without failure, it is uncertain how these hydrogels perform at higher strains as the release at 60% strain is the maximum value reported.
Di et al. [123] use a similar approach, embedding alginate microparticles with drug or protein-loaded PLGA nanoparticles into an elastomeric base substrate (Dragon Skin 30) (Fig. 6e) . The surface area of the alginate depot increases with increasing strain, thus facilitating greater drug diffusion and release. Doxorubicin-formulated devices demonstrate strain-dependent release (100% strain releases~3× more than 0% strain, with 10 cycles with 2 s/cycle) with cycle-dependent (50% strain from 0 to 10 cycles) decrease in HeLa viability in vitro with 2D and 3D cultures. Microneedles, composed of hyaluronic acid crosslinked microparticles loaded with insulin, are applied in vivo to the skin of streptozotocin-induced diabetic mice. Blood glucose levels decrease over three 4-h stretching intervals (10 cycles at 50% strain), while non-stimulated microneedles initially burst release (still hyperglycemic amounts) and bolus insulin injections reduce blood glucose levels over one 4-h interval (Fig. 6f) . Releasing a variety of compounds upon physiological stimulation demonstrates the potential versatility of the system in the clinic. However, control over passive release is necessary to minimize resistance to chemotherapeutics or antibiotics, and to preserve the amount of drug or protein available for release at a later time.
Layered composites
In contrast to particulate systems, layered composite systems are another strategy to compartmentalize drug encapsulation and to optimize bulk mechanics for tension-responsive delivery. Arm et al. [124] 
Albumin-loaded devices (66-68 kDa) release faster than trypsin inhibitor-loaded devices (20 kDa), attributed to enhanced polymer degradation from larger pores left after the larger molecular weight albumin releases. However, this method of loading provides non-uniform stresses and deformations on the implant (higher stresses on outer layers), and thus it is challenging to quantify and compare the necessary stress magnitudes for release. Other approaches for layered composites, including polyelectrolyte films and superhydrophobic coatings, are discussed in the following sections.
Polyelectrolyte films
The use of polyelectrolyte films, consisting of alternating layers of polyanions and polycations, represent another strategy to control permeability by tuning the density of these layers [125] [126] [127] [128] [129] . The research groups of Lavalle and Schaaf report tension-responsive delivery systems with polyelectrolyte films that initiate drug/protein release through: 1) unmasking of active entrapped enzymes; 2) enzymatic modification of entrapped model prodrugs; or 3) enzymatic degradation of the polymeric substrata. The two strata of their systems consist of a thick, low density, exponentially growing polyelectrolyte film (poly(L-lysine)/ hyaluronic acid (PLL/HA) that sequesters drug or protein, and a thin, high density, linearly growing (poly(diallyldimethylammonium)/ poly(sodium-4-styrenesulfonate) (PDADMA/PSS), or poly(allylamine)/ poly(styrene sulfonate) (PAH/PSS)) polyelectrolyte film that acts as a barrier, preventing the permeability of polyelectrolytes and small ions. The two strata are formed on an elastomeric PDMS substrate, capable of withstanding tensile strains up to 100%.
In the first study [130] , PDADMA/PSS 5 layers respond to cyclic tensile strain with the opening of nanovalve pores. The visibility of these pores at 50% strain and 100% strain led to a follow up study [131] to control the activation of alkaline phosphatase (ALP) from PLL/HA reservoirs, capped by PDADMA/PSS 6 . In the absence of tension, the PDADMA/ PSS stratum serves as an effective barrier, impeding the diffusion of ALP by partitioning the enzyme from the substrate, fluorescein diphosphate (FDP). Stretching the system past 70% critical strain (Fig.7a) thins the PDADMA/PSS layer, uncovering the embedded ALP, allowing dephosphorylation of FDP into fluorescein (F) in the media. Similarly, a subsequent study demonstrates the release and catalysis of fluorescein diphosphate (FDP) from PLL/HA reservoirs, capped by PDADMA/PSS 10 layers containing adsorbed ALP (Fig.7b) [132] . The application of tensile strain past the critical threshold (40% strain) increases the permeability and diffusion of FDP due to nano-/microscopic structural reorganization of the PDADMA/PSS barrier. The disparity in release from the two systems can be attributed to the difference in molecular size of the two compounds; ALP (enzyme) is much larger than FDP (small molecule) and thus requires stretching to a larger critical strain for initiate release.
Consequently, adsorbed ALP catalyzes these freely diffusing FDP molecules into F, leading to an increase in fluorescence intensity based on the strain applied (up to 100%, Fig.7c) . However, the mechanism of release differs in these latter cases unlike the PDADMA/PSS 5 polyelectrolyte layers in the first study, as there are no detectable openings in the PDADMA/PSS 6 or PDADMA/PSS 10 layers.
While the above studies demonstrate the stretch-induced release of a model active enzyme and a model prodrug, their follow-up study applies the polyelectrolyte multilayer system to the enzymatic degradation of drug-loaded polymeric films upon application of tension [133] . The mechanosensitive barrier layer consists of a more solid and brittle material, PAH/PSS, which yields openings in the barrier with the application of tension. Trypsin, a protease that recognizes and acts on the C-terminus of lysine residues present in polypeptide chains, enzymatically degrades the PLL/HA reservoir, which is loaded with paclitaxel, a potent mitotic inhibitor chemotherapeutic agent. Without applied tension, the PAH/PSS barrier isolates the reservoir from trypsin and prevents drug release. However, mechanical extension to 30% strain fractures the barrier, permitting trypsin diffusion into the reservoir through these openings to degrade the reservoir and release fluorescently-labeled paclitaxel. This results in a 7-fold increase in fluorescent signal over 8 h compared to non-stretched devices and devices stretched in the absence of trypsin, confirming the necessity of both stretch and enzymatic activity for drug release (Fig. 8d) . While the mechanism of release through these openings is explored, the drug release is only evaluated at one tensile strain value (30%).
Wetting of superhydrophobic systems
Another strategy for constructing mechanoresponsive drug delivery systems relies on the triggered wetting of normally non-wetting or slowly-wetting drug-loaded materials [134] . In this manner, water solubilizes the drug, causing subsequent release via diffusion into the surrounding aqueous environment. Mechanically-induced wetting generally employs hydrophobic or superhydrophobic materials with microscopic structural features that become wetted under stimulation [135] [136] [137] . Without tension, these features render the material surface non-wetted. Superhydrophobic surfaces, which are characterized by an advancing water contact angle N150°and low contact angle hysteresis [138, 139] , are the result of the synergy between a low surface energy material and its rough topology, and applying tension destabilizes this architecture to promote wetting at the material interface.
In contrast to a materials approach to alter wettability through microscale features, the following examples use a more macroscopic approach-specifically, by introducing fractures within composite materials. Huang et al. [140] demonstrate the ability to reversibly switch between superhydrophobic and superhydrophilic states with the expansion of various stimuli-responsive acrylamide-based hydrogels coated with silanized glass particles. Increases in tensile strain, pH, or temperature disrupt the superhydrophobic glass particle coating, revealing the underlying hydrophilic hydrogel. Although the authors do not demonstrate release of entrapped agents from the systems, they present control over dye penetration into the alginate-acrylamide hydrogel with increasing strain (up to 600%).
Developing a superhydrophobic system for drug delivery, Wang and Kaplan et al. control drug release based on tensile strain and further integrate their system with an esophageal stent for ex vivo delivery [141] . In the absence of tensile strain, the superhydrophobic coating, an electrosprayed mixture of biocompatible, biodegradable low surface energy polymers poly(ε-caprolactone) and poly(glycerol monstearate carbonate-co-caprolactone), impedes water infiltration into the hydrophilic drug core (composed of cellulose/polyester), in contrast to a hydrophobic coating of poly(ε-caprolactone) (contact angle = 119°) (Fig. 7e) . Increasing strain (at 7% strain/s) causes greater stress on the superhydrophobic coating, resulting in the development of parallel crack patterns (Fig. 7f) . The disruption of the coating facilitates the release of entrapped dye (Fig. 7e ) and chemotherapeutics at strains from 10% to 100%. The release of chemotherapeutics cisplatin or 7-ethyl-hydroxycamptothecin (which are hydrophilic and hydrophobic, respectively) result in strain-dependent dosing in vitro to OE33 esophageal cancer cells. Finally, expansion of esophageal stents integrated with the tension-responsive coatings enhances the delivery of a fluorescent dye to ex vivo bovine esophagus (Fig. 7g) . The ability to effectively load and deliver a wide range of compounds (both hydrophilic and hydrophobic) demonstrates the versatility of the system. However, the release under cyclic tension is not evaluated and leaves open the opportunity to design and test additional systems.
Shear-responsive systems
Shear-mediated delivery relies on reversible material deformation or disaggregation. Shear forces, present internally or externally (through syringe injections [142] ), can trigger release. One major area of focus for shear-responsive delivery is in the cardiovascular system, where narrowing of the vessels increases the local shear stress nearly ten-fold [143, 144] . Rather than relying on more conventional biochemical approaches based on targeting moieties (i.e., antibodies), mechanical signals physically target atherosclerotic plaques or clots, as discussed below.
Liposome deformation
In response to high shear environments, liposomes can release their payload due to lipid bilayer flexibility or when in contact with flowing fluids. Natsume and Yoshimoto use this principle to accelerate enzyme activity under shear flow [145] . Glucose oxidase (GO), encapsulated in a three-component liposome system (POPC (1-palmitoyl-2-oleoyl-snglycero-3-phosphochline), POPG (1-palmitoyl-2-oleoyl-sn-glycero-3-phosphoglycerol), and cholesterol), exhibits minimal activity under low shear stress due to the partitioning of the glucose substrate from the enzyme by the liposomal membrane (Fig. 8a) . With greater laminar shear rates (up to 7.8 × 10 3 s
), liposomal membrane permeability increases with 80% fractional conversion of glucose by GO after 180 min compared to~0% at zero shear (Fig. 8b) . The liposome acts as a chaperone for the released GO, preserving the enzymatic activity of free GO even in the presence of empty liposomes, compared to free GO without liposomes (decreases to 60% activity after 360 min) (Fig. 8c) . Although the system is unique to glucose oxidase, the shear-induced activity of the enzyme is applicable to sensors and as delivery vehicles responsive to shear flow.
Holme et al. report another example of using shear to release entrapped agents within 1,3-diamidophospholipid-based vesicles possessing lenticular, rather than spherical, morphologies [146] . The authors hypothesize that spherical vesicles are relatively robust and resistant to mechanical disruption, while the altered morphologies generated by the large bending moduli of modified phospholipid membranes are responsive to elevated shear stress due to breakage along their equators (Fig. 8d) . Large, unilamellar vesicles, composed of synthetic 1,3-dipalmitamidopropan-2-yl 2-(trimethylammonio)ethyl phosphate lipids (Pad-PC-Pad), are prepared with entrapped carboxyfluorescein dye and applied to an in vitro model of atherosclerosis, simulating healthy (i.e., shear stress = 2 Pa) and severely constricted arteries (i.e., shear stress = 40 Pa). After 40 passes of Pad-PC-Pad through the constricted model, the shear-responsive vesicles release 70% of entrapped dye compared to only 45% dye release when passed through the healthy arterial model (Fig. 8e) . Because the authors focused their efforts on the design and optimization of phospholipid vesicles to achieve shear-responsive release, they left open the opportunity to demonstrate in vivo efficacy in a clinically-relevant model with pharmacologically active agents.
Particle aggregation and dispersion
Microaggregates are capable of dispersing in response to shear stress, offering another strategy for shear-responsive delivery. Korin et al. apply their shear-responsive drug delivery system to an elevated shear stress model for cardiovascular disease, and extend their study to an in vivo murine model of myocardial infarction and pulmonary embolism [147] . Nanoparticle microaggregates, composed of poly(lactic-co-glycolic acid) (50:50, 17 kDa), are stable under shear stresses commonly experienced by unobstructed coronary vessels (10-30 dyne/cm 2 ), yet break apart upon experiencing pathologicallyrelevant shear stresses (N 100 dyne/cm 2 ) for 1 min, increasing nanoparticle accumulation by nearly 6-fold (Fig. 9a, b) . In a three-dimensional PDMS microfluidic device that simulates a stenosis, the signal from fluorescent nanoparticles increases 16-fold downstream compared to particles with unobstructed flow, and increases 7-fold in cultured endothelial cells downstream compared to cells upstream of the constriction. Finally, nanoparticles formulated with the thrombolytic drug tissue plasminogen activator (tPA) are evaluated for thrombolytic efficacy in a mouse arterial thrombus model. After perfusing preformed fibrin clots, the authors restore pulmonary arterial pressure ex vivo with a 100-fold lower effective dose of tPA (Fig. 9c) , demonstrating superior performance with the nanoparticle aggregates. Lastly, in an in vivo acute thrombus murine model (~100 clots, 150 μm), all untreated mice die within 1 h while 85% of treated mice survive without symptoms of respiratory distress (Fig. 9d) . Marosfoi, Korin, and Gounis et al. further apply their system in vivo to a large vessel occlusion rabbit model [148] . After complete carotid occlusion, the animals undergo a temporary endovascular bypass, whereby a stent is inserted and expanded at the clot site to temporarily restore high shear blood flow. Compared to stents alone (43% recanalization) and stents with free recombinant tPA (2 mg and 20 mg, 14% and 71% recanalization, respectively), occlusions treated with stenting and tPA microaggregates are all successfully recanalized.
In contrast, Chen et al. use electrostatic forces to adsorb heparinencapsulated nanoparticles onto red blood cells in order to extend drug circulation time [149] . The nanoparticles, composed of heparin and thiolated poly-L-lysine (PLL) exhibit increased colloidal stability through the formation of disulfide bonds, and are electrostatically attracted to the negatively charged red blood cell surfaces (PLL/ heparin = 6:5 w/w, +25 mV). Scanning electron microscope imaging reveals~80% particle attachment under low shear stress (1 Pa). However, at high shear-stress (10 Pa),~50% of the particles remain on the red blood cell after 24 h, and nearly all particles detach after 48 h, demonstrating shear-induced nanoparticle detachment.
Anselmo et al. mimic another hematocyte, producing platelet-like nanoparticles to target vascular injuries and facilitate hemostasis [150] . These particles, produced by layer-by-layer assemblies of poly(allylamine hydrochloride) (PAH) and bovine serum albumin (BSA), exhibit greater aggregation at higher shear stresses (45 min at 5, 25, and 55 dyne/cm 2 ) when surface modified with collagen-binding peptides (CBP) and von Willebrand Factor (vWF) binding peptides (VBP) (for wound targeting) on a collagen/vWF coated glass slide, or surface modified with fibrinogen-mimetic peptide (FMP, for platelet binding) on glass slides with activated platelets, compared to particles lacking surface modifications or surface modified particles on BSAcoated glass slides. The authors also demonstrate greater particle aggregations after flowing the particles through a glass capillary. This shear strain-dependent aggregation, similar to physiological platelets encountering a site of vascular injury, is attributed to the interaction of FMP and the flexible discoid shape that concentrates particles to vessel walls. In a tail transection mouse model, the CBP, VBP, and FMP functionalized particles decrease bleeding time by~65%. Analysis of the subsequent tail clots verify the incorporation of nanoparticle aggregates, as predicted in vitro, and their ability to expedite the formation of hemostatic plugs.
In another approach, Mellal et al. report the dispersion of therapeutic MRI (magnetic resonance imaging)-guided magnetic microcarriers to deliver site-specific drug [151] . Simulating flow through an artery, computational models demonstrate parameters to maximize drug loading with superparamagnetic iron oxide particle aggregates while maintaining the ability to navigate in arterial blood flow. Specifically, chain-like aggregations exhibit higher magnetic volume, to steer more efficiently, than spherical or ellipsoid-like aggregates. The results are experimentally verified with flow through a microfluidic arterial bifurcation using 3D Maxwell-Helmholtz coils. Fig. 9e shows the evolution of the aggregates under high shear stress (simulating 60% vessel occlusion) from spherical to ellipsoidal-like to chain-like structures, in accordance to experimental and theoretical data. With increasing shear force, the aggregation volume to the particle volume decreases by nearly half, disrupting the magnetic dipole-dipole forces. The disruption of the aggregate downstream releases drug and allows facile clearance of particles from the body. While the computational data supports the utility of aggregates, the studies do not show drug distribution after release nor does the experimental data demonstrate efficacious drug delivery.
Supramolecular disassembly
Self-assembled structures exhibit reversible or self-healing characteristics for shear-responsive delivery. Kaplan et al. report the delivery of anti-TNFα antibody upon the application of shear stress from a selfassembled hydrogel [152] . The supramolecular nanofiber gel, composed of sugar, nucleoside, and fatty acid subunits, disassembles under increasing shear stress (up to~27 Pa) and reforms within 2 min of the removal of shear. The nanofiber assembly slows the diffusion of entrapped large macromolecules in a weight-dependent manner (e.g., 19.6 kD FITC-dextran diffuses out more than twice as fast as 167 kD FITCdextran). The shear-induced disassembly of the gel expedites the release of anti-TNFα antibody (Fig. 9f) . The resulting release from 90 min of 10 Pa shear stress reduces TNFα toxicity in vitro by~60% in L292 cells, a murine TNFα-sensitive fibroblast cell line (Fig. 9g) . The delivery of anti-TNFα antibody would serve as an anti-inflammatory treatment for diseases, such as rheumatoid arthritis, effectively neutralizing the effects of TNFα.
Conclusions and future perspectives
The field of mechanically-stimulated delivery is rapidly growing with a number of reports demonstrating the promise of releasing pharmaceutical/ active agents in a controlled manner. These mechanoresponsive systems are designed to be clinically relevant through the use of physiological force triggers or externally applied clinical devices. The dynamic nature of the human body is constantly subjected to forces; therefore determining triggers distinguishable from the mechanical forces routinely present in daily activities are key to targeting and maximizing release.
To take advantage of compressive forces, investigators are exploring drug loaded porous polymer scaffolds, siloxanes, hydrogels, crosslinked micellular gels, and layer-by-layer microparticles. Key features reported in these systems are: 1) mechanical integrity to withstand and respond to multiple compressions, 2) incorporation of molecular containers or micelles for greater loading of hydrophobic agents, and 3) dose dependent cyclic release. Since the first report in the late 1980s, two of nine delivery systems have evaluated performance in vivo: a twocomponent silicone implant that responds to compression to successfully deliver insulin, thereby reducing glucose levels in diabetic rats [99] ; and a VEGF-loaded calcium-crosslinked hydrogel that increases vascularization upon cyclic compression [103] .
Tension-responsive systems utilize stretchable hydrogels, siloxane substrates, crosslinkable micelles, polyelectrolyte layer-by-layer films, and superhydrophobic composites. These systems possess: 1) the mechanical strength to be subjected to high tensile strains, 2) capsular or layered composites to encapsulate drugs and proteins, and 3) cycle-or strain-dependent release. Since the first report in 1997, only one delivery system out of nine has evaluated performance in vivo (stretched microneedles containing insulin microparticles prolong delivery in diabetic mice [123] ) and only one other delivery system has evaluated performance ex vivo (drug release from a superhydrophobic composite is triggered by the expansion of the device, integrated with an esophageal stent, in ex vivo bovine esophagus [141] ).
In contrast, shear-activated systems exhibit: 1) reversible material deformation via liposomes, 2) disaggregation of microparticles or nanofibers to release their payload, or 3) accumulation of aggregates at the target site. Well-characterized increases in physiological forces, such as the increase in shear stress noted at strictures in the cardiovascular system [143, 144] , act as both viable mechanical triggers and drug targets. At the time of this publication, there are three reports of in vivo assessment: the delivery of tissue plasminogen activator that dissolves clots in both an acute thrombus murine model and a large vessel occlusion rabbit model [147, 148] , and the aggregation of platelet mimics that decrease in bleeding time in a tail transection mouse model [150] .
Overall, in comparison to other stimuli-responsive systems, there are only a handful of reports on the mechanoresponsive delivery of active therapeutics. The ease of characterization with model dyes or compounds demonstrates proof-of-concept, but to translate mechanoresponsive systems to the clinic, the delivery of therapeutic agents in vivo will need to be further developed. Currently, there are no mechanically-activated drug delivery devices approved for use in patients, although numerous opportunities exist for new designs of drug-device combinations to enhance treatment of cardiovascular, musculoskeletal, and pulmonary diseases. For example, the increase in stress within vessels containing atherosclerotic plaques and arterial embolisms allow physical rather than biochemical targeting to stenotic sites for drug release. Liposomes and microaggregates deform and disaggregate, respectively, under a higher shear environment to release their payloads. Treatment can also be enhanced by integrating mechanoresponsive drug or protein delivery systems with existing mechanical medical devices, such as stents. The radial expansion of esophageal stents, which treat esophageal cancer, acts as a trigger to control delivery of chemotherapeutics [141] . Other systems offer new mechanical approaches to treatment; user-controlled delivery of drugs and proteins are reported for pain management, neoangiogenesis, and diabetes.
While we report these promising mechanoresponsive examples, many opportunities and challenges exist for the future of these systems. Current compressive systems, composed of elastomeric substrates and hydrogels, successfully withstand repeated compressions and will need to be continually developed to maximize agent encapsulation and minimize release in the absence of compression. The ease of externally applying these compressive forces on implanted systems has resulted in increased interest in these systems, but improved characterization and precise application of these forces are needed to reduce the variability in dosing.
Similarly, well-characterized tensile forces should be used as triggers. The robust characterization and increasing deployment of mechanical medical devices, such as balloon catheters and stents, has led to their use as viable triggers to further enhance current medical care. Towards these applications, tension-responsive systems should tolerate higher strains (N30%), and this has been demonstrated in many of the current systems using hydrogels, siloxanes, and polyester meshes. The problems encountered with first generation systems, such as limited loading of agents and diffusive release in the absence of tensile triggers, are being resolved through capsular and layered composites.
In contrast, shear-responsive systems rely on the reversible deformation of lipids in liposomes, or the dispersion of microparticle or nanofiber aggregates to release the loaded therapeutics. The majority of reports on shear-responsive delivery focus on cardiovascular indications (i.e., atherosclerosis) as the increase in shear stress, due to narrowing of blood vessels, provides a pathophysiological trigger for site-specific delivery.
The diversity of active therapeutic agents, as opposed to model dyes and compounds, investigated in shear, tension, and compression activated system is minimal in the compositional and structural space. For example, there are no examples of nucleic acids being delivered by such systems, and delivery of only one type of growth factor (VEGF [103] ), one type of antibody (anti-TNFα [152] ), three proteins/enzymes (insulin [99, 123] , glucose oxidase [145] , tissue plasminogen activator [147, 148] ), one polysaccharide (heparin [149] ), and seven small molecules (ondansetron [106] , hydrocortisone [107] , dexamethasone [108] , doxorubicin [123] , paclitaxel [133] , cisplatin [141] , and camptothecin [141] ) has been described. Delivery is further complicated by the necessity to preserve the activity of small molecules and proteins within the mechanoreponsive systems. Lastly, in all these cases long-term assessments of implant materials and the development of biodegradable substrates are needed before clinical translation becomes feasible.
The various systems described utilize a number of different delivery strategies, from inducing flux through increased pressure (hydrogels, elastomers under compression) to increasing the available surface area or porosity to expedite diffusion (liposomes, hydrogels, elastomers under shear/ tension). Many of the release compounds are not chemically conjugated to the matrix; instead they are physically incorporated and thus rely on a diffusive gradient increase to exudate compounds. One exception is the mechanochemical activation of oxanorbornadiene bonds, where the application of physical force breaks chemical bonds to release, albeit also limits release to, a furan-derivative [102] . However, the reliance on diffusion for many of these systems has led to strategies to prolong drug release. Inclusion complexes [106, 107] , micelles [108, 153] , and particles [100, 123, 147, 149] increase loading of hydrophobic compounds while also allowing retention for a longer time period in the absence of mechanical stimuli. Furthermore, as drug carrier systems, they act as an additional rate-limiting step to compound release. In contrast, other studies have sought to expedite release. In one example, stretching exposes the drug reservoir to enzymatic degradation of the matrix, resulting in release. Nevertheless, much of the release kinetics also depends on the physical properties of the drug and their dissolution into release media. Of the 26 studies, only three have reported using compounds of varying hydrophobicities, charge, or molecular weight [109, 121, 141] . In general, there is higher loading and release of small neutral molecules, compared to charged or higher molecular weight compounds. Studying the release of a number of different compositions is especially critical for systems that utilize mechanical targets (i.e., increasing shear at vessel strictures) to determine the optimal drug with the proper dosing.
The examples highlighted in this review demonstrate both the capabilities and limitations of mechanically-activated systems. Challenges for many of the mechanoresponsive delivery systems reported thus far are a) response over a limited range and b) struggling to prevent release (i.e., burst release or leaky release) in the absence of stimuli. Additionally, many of these systems utilize large forces to trigger drug release and thus materials that can respond to smaller forces (e.g., cellular) represent an unexplored and critical area of research. Harnessing mechanical forces, either internal or external, to control the release of active agents in vivo is a viable strategy for drug delivery with significant clinical promise in the near future.
The motivation for writing this review manuscript is to recognize the research achievements to date, to stimulate discovery of new mechanoresponsive delivery designs and device compositions, and to encourage all to work in this exciting area of drug delivery.
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